and experimental studies have suggested the importance of arterial pressure waveforms rather than mean arterial pressure levels in the progression of cardiovascular disease. The extent and eccentricity of left ventricular hypertrophy in rats induced by aortic constriction at different sites varied considerably even when mean arterial pressure levels were similar (13) . Antihypertensive agents that lower mean arterial pressure to the same degree did not necessarily induce the same degree of regression of left ventricular hypertrophy (17) . Some vasodilators were effective in decreasing mortality of patients with left ventricular dysfunction without significant changes in mean arterial pressure (14) but with changes in the pressure waveform. The mean arterial pressure obviously cannot account for these diverse outcomes, but the differences in arterial pressure waveform might be a candidate for this diversity (1, 7) aside from the difference in humoral factors and/or preload.
As ventricular volume changes during ejection, ventricular afterload as assessed by wall stress should differ considerably among different ejection patterns (i.e., ejection with different arterial pressure waveforms). Furthermore, because the failing hearts are more susceptible to changes in afterload (16, 26) , the impact of different pressure waveforms may be even larger in these weak hearts.
However, because of technical reasons, the clinical and pathophysiological significance of dynamic arterial properties remains to be established. Techniques for selective manipulation of dynamic arterial properties have been limited. Pharmacological interventions (15, 18, 27) cannot substitute for selective manipulation given the alterations in preload, ventricular contractility, heart rate, and neurohumoral factors that inevitably accompany such treatment. Physical interventions [aortic constriction (13) , replacement of the aorta with a stiff tube (11, 22) ] used in previous studies were not sufficiently versatile to impose arbitrary impedance on the ventricle. The limited ex vivo experiments on
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impedance loading with hydraulic load (5, 9, 25) or servo-pumps (2, 12, 24) have been more versatile, but they were only able to impose impedance based on a particular arterial system model such as windkessel (5, 9, 24, 25) or T-tube models (2, 12) . No attempts to impose desired aortic impedance on in situ heart have been reported. The aim of this study was to develop an experimental device that imposes desired impedance on the in situ left ventricle. The results indicate that desired impedance was successfully imposed on the rat heart with a feedback iteration algorithm and a highfidelity servo-pump system. Figure 1 shows the schema for our manipulation of the impedance imposed on the in situ heart. We connected the outlet of a piston pump to the side branch of the aorta to allow for instantaneous addition or withdrawal of extra flow to the native aortic flow. To control impedance, we first calculated the flow required to achieve the target impedance from the measured pressure waveform and the target impedance. We drove the piston pump according to the difference between desired and measured flow waveforms. Because the activation of the piston pump alters aortic pressure waveform, we repeated this cycle until the difference between desired and measured flow waveforms disappeared.
METHODS

Principles of an operation for controlling impedance imposed on an in situ heart.
Animal preparation and instruments. Animal care was in accordance with institutional guidelines. Thirty-eight adult male Sprague-Dawley rats (9-19 wk of age, 460 Ϯ 91 g body wt) were anesthetized with intraperitoneal urethan (1.5 Ϯ 0.3 g/kg). Artificial ventilation was performed via a tracheotomy with oxygen-enriched room air at a rate of 65-80 breaths/min and a tidal volume of 3-4 ml. To eliminate autonomic nerve reflexes, we used pithing (n ϭ 16 animals) (6), transection of the cervical spinal cord (n ϭ 6 animals) (8) , or intravenous administration of hexamethonium (60 Ϯ 44 mg/kg; n ϭ 16 animals) in addition to bilateral vagotomy. Blood pressure levels were maintained by continuous intravenous infusion of methoxamine (15-30 µg · kg Ϫ1 ·min Ϫ1 ; n ϭ 9 animals) and/or blood transfusion (6.1 Ϯ 2.7 ml; n ϭ 36 animals). After a median thoracotomy was performed, a 2-Fr catheter-tipped micromanometer (model SPC320, Millar Instruments, Houston, TX) was introduced into the ascending aorta at the level of the right brachiocephalic artery bifurcation, and an ultrasound transit-time flow probe [inner diameter (ID) 2.5 mm; model 2.5SB, Transonic Systems, Ithaca, NY] was placed around the ascending aorta just proximal to the tip of the micromanometer. The low-pass filter of the flowmeter was set at 100 Hz. We fixed heart rate by either atrial pacing or sequential dual-chamber pacing with 10 ms of fixed atrioventricular delay.
The custom-designed servo-controlled piston-pump system (model ARB-126, Air Brown, Osaka, Japan) consisted of a piston pump, a linear motor, a displacement transducer, analog circuits, and a tube for connecting the pump to the animal. The diameter of the piston pump was 25 mm, and the pump had a stroke of 20 mm (23, 24) . The piston was driven by a linear motor (model ET-126A, with a power amplifier model PA-118, Labworks, Costa Mesa, CA). Custom-made analog circuits controlled pump volume by referencing to the position of the piston measured by a linear displacement transducer. The outlet of the pump cylinder was connected to the aorta via stainless steel tubing (ID 2 mm). An in-line flow probe (model 2N, Transonic Systems) was placed between the distal end of the tubing and a plastic catheter [ID 0.8 mm, outer diameter (OD) 1.1 mm; model SR-OS2032, Terumo, Tokyo, Japan] inserted into the aorta via the left carotid artery. Detailed characteristics of the system are described in the APPENDIX. The pump and the tube were filled with heparinized (20 U/ml) physiological saline. Special care was taken to completely remove air bubbles from the tubing. Pressure and flow waveforms were digitized at a sampling rate of 1 kHz with the use of a 12-bit analog-to-digital converter [model AD12-16D(98)H, Contec, Osaka, Japan] interfaced with a dedicated laboratory computer system (PC-9821Af, NEC, Tokyo, Japan). These data were sampled and averaged over several (typically 4-5) beats corresponding to one ventilatory cycle to minimize the influence of respiratory variations in pressure and flow.
Algorithm of the iterative feedback control. As already stated in Principles of an operation for controlling impedance imposed on an in situ heart, we manipulated the flow waveform by driving the servo-pump. To accomplish this, we used an iterative approach in which the imposed impedance gradually approached the target impedance (Fig. 2) . The target impedance [Z cmd (f)] was prepared a priori.
We switched the command to drive the servo-pump every 8-10 beats, which in turn was dependent on pacing rate, ventilation rate, and the time period required for command calculation. In each iterative cycle, we first measured aortic pressure [P Ao (t)] and flow [F Ao (t)] waveforms. Using a fast Fourier transform (3), we calculated the amplitude and phase spectra of pressure [P Ao (f)]. We calculated the desired instantaneous flow [F cmd (f)] in the frequency domain that should be ejected in response to the measured pressure waveform against the specified Z cmd (f) as follows
Next, after converting the desired instantaneous flow to a time-domain signal through the inverse Fourier transform, we calculated the optimal instantaneous error flow for manipulation by the servo-pump by subtracting measured flow waveform from desired flow waveform at each time point within a cardiac cycle. We did not correct all of the error flow values within a single iteration cycle; rather, we corrected only a small fraction of the error (factor K in Fig. 2 , typically 5-10%) to avoid any instability in the control. Finally, flow correction was added to the previous flow command, converted to a volume command, modified to compensate for the characteristics of the servo-pump system (see APPENDIX) , and then applied to the pump. Time delay caused by pulse wave travel over the distance between the end of the tube and the aortic root was also taken into account.
Impedance based on the measured pressure and flow waveforms was calculated on-line. Programs for impedance control, data acquisition, and impedance calculation were all custom developed using Microsoft Assembler and FORTRAN on MS-DOS on a dedicated laboratory computer system (PC-9821Af, 60-MHz Pentium, NEC).
Evaluation of impedance control accuracy. To evaluate the accuracy of impedance control, we calculated the root mean square of time-domain errors (RMSE t ) between measured and desired aortic flow waveforms. We also calculated the coefficient of determination (R 2 ) between the two flow waveforms. RMSE t relative to the root mean square (RMS) of F cmd was evaluated throughout the experiments. We concluded that the iteration had reached convergence (successful control) at RMSE t Ͻ15% of RMS of F cmd and R 2 Ͼ 0.980. In the final off-line analysis, RMSE t was also expressed as a percentage of the peak value of F cmd . We also examined various pressure values to express the changes in pressure waveforms by impedance control. These include peak systolic pressure (P s ), diastolic pressure (P d ), pulse pressure (PP), and end-ejection pressure (P ee ).
We evaluated the similarity in the impedance values by comparing the measured and the target impedance by calculating the root mean square of error for moduli (RMSE 0Z0 ) and for phases (RMSE ). We assessed these errors over the frequency range of Յ80 Hz. We also assessed these errors over the frequency range of Յ26 Hz, a range that included the major power of flow for each rat. Figure 3A shows the power spectra of aortic pressure and flow obtained in the preliminary experiments. On average, 99% of the total alternating current power of pressure and flow were within the frequency ranges Ͻ26.7 Ϯ 3.0 Hz (range 20.0-34.2 Hz) and Ͻ42.1 Ϯ 9.6 Hz (range 26.4-65.9 Hz), respectively. We therefore decided to assess the precision of impedance control at Յ26 Hz as stated above. The average impedance obtained in these experiments is shown in Fig. 3B . Because coherence values were Ͼ0.8 up to 80 Hz, we determined the frequency band for impedance control up to 80-100 Hz. Total peripheral resistance was 162 Ϯ 39 mmHg·s·ml Ϫ1 , characteristic impedance (Z C ) was 11.4 Ϯ 3.1 mmHg · s · ml Ϫ1 , and windkessel compliance (C) was 1.08 Ϯ 0.23 µl/mmHg (corner frequency 1.03 Ϯ 0.23 Hz). The modulus of the impedance corresponding to the first harmonic of normal heart rate (calculated as the average between 5 and 7 Hz) was 18.3 Ϯ 5.3 mmHg·s·ml Ϫ1 .
Protocols and data analysis. To calculate a reference for target impedance, we first obtained high-resolution native aortic impedance (Fig. 3B) . We needed high-resolution impedance because heart rate was not necessarily constant. Highresolution impedance was obtained through the use of random pacing (R-R interval 200 Ϯ 50 ms, range 26-354 ms) and ensembling of power to reduce spectral variance (4). We obtained an impedance with a frequency resolution of 0.5 Hz.
We examined the ability of the servo-pump system to control impedance. The protocols included selective changes in Z C , rescaling of the frequency axis, and selective changes in the first harmonic impedance (Z 1 ). The latter two protocols effectively modified arterial compliance (C), but in different ways. They differed in whether the high-frequency range was rescaled or not and in the behavior of the high-frequency reflection wave. For all impedance modifications, we first defined the modified impedance modulus as stated below and then determined the phase according to the minimal phase condition using Hilbert transform (21 value was defined as the average modulus of the original impedance at 20-100 Hz. As Fig. 4A shows, Z C was altered by offsetting impedance modulus uniformly, excluding direct current (DC). Figure 4B shows how we rescaled the frequency axis. We uniformly rescaled frequency axis throughout the frequency range. Selective changes in Z 1 (Fig. 4C) were achieved by scaling the impedance modulus according to the frequency of heart rate (ϳ5 Hz). Around this frequency, the degree of scaling was smoothly tapered. We truncated the reciprocal of target impedance above 80 Hz, where both pressure and flow power were negligible.
One of the target impedances was imposed for 2-3 min, which included the transient phase of the impedance control (see example in Fig. 5 ). Aortic pressure, aortic flow, and pump flow waveforms were recorded, and aortic impedance was obtained on-line at baseline, during steady state of each impedance control, and 1 min after the control was stopped, when the effect of impedance control had subsided. We used the mean values measured before and 1 min after impedance loading was stopped as the baseline values and compared these with values measured during the control. We performed several protocols using the same rat.
Given the nature of the piston pump, the inability to control DC impedance (i.e., resistance) resulted in an inability to compensate for changes in resistance of the native arterial system. To eliminate any confounding factors arising from this deficit, we discarded any data in which native arterial resistance changed more than 5%.
Statistical analysis. Data are expressed as means Ϯ SD. A paired t-test was used for comparison between data at baseline and during impedance control in the same rat. The accuracy of impedance control was compared among four different protocols of impedance modification by one-way ANOVA with Scheffé's post hoc procedure. A P value Ͻ0.05 was accepted as statistically significant. Figure 5 presents a representative time course of impedance control wherein a high Z C value was obtained. Increasing PP indicated an increased Z C value. Given the iterative nature of the algorithm, the pump flow waveform was gradually altered to attain the target impedance. PP was also gradually increased until it reached a final steady state. The time required to reach a steady state was dependent on the correction factor (K), pacing rate, and the extent of discrepancy between native and target impedance values. With larger values of K, we were able to reach a steady state with fewer iteration processes at the expense of instability (data not shown). Steady state was usually attained within a few minutes with K values between 0.03 and 0.1. Changes in waveforms and imposed impedance by impedance control. Figure 6A shows changes in waveforms and changes in impedance imposed by doubling Z C . Before the impedance control reached steady state, large differences were observed between measured (F Ao ) and desired (F cmd ) flow waveforms (Fig. 6A , baseline). Measured impedance was not close to the target impedance. Once the impedance control reached a steady state (Fig. 6A, Z in load) , the differences between the measured and desired flow waveforms were greatly attenuated. Measured impedance coincided reasonably well with the target impedance up to at least 35 Hz in A representative time course of measured P Ao , F Ao , and F pmp waveforms during impedance control is shown. Detailed waveforms for every 10 s were superimposed. Z C was increased by impedance control. Pulse pressure was gradually increased, accompanied by an increase in amplitude of F pmp . Steady state was reached within 1 min in this case. the example in Fig. 6 . RMSE t decreased by 84%, RMSE 0Z0 (Ͻ26 Hz) decreased by 50%, and RMSE (Ͻ26 Hz) decreased by 80%. Impedance did not necessarily agree with the target above 40 Hz. Note that desired flow waveform was not the same between time points before and after the impedance control had reached a steady state. This is because the altered impedance affected the pressure waveform, which in turn altered the desired flow waveform. When Z C was doubled, P s increased by 5.5 mmHg, P d decreased by 0.6 mmHg, and, as a result, PP increased by 6.1 mmHg. P ee was decreased by 8.3 mmHg. Figure 6B depicts the changes in waveforms and impedance imposed by halving Z C . RMSE t , RMSE 0Z0 , and RMSE decreased by 74%, 61%, and 87%, respectively. P s decreased by 5.9 mmHg, P d decreased by 2.5 mmHg, and, as a result, PP decreased by 3.4 mmHg. P ee was decreased by 1.5 mmHg. In Fig. 6C , changes in waveforms and impedance imposed by halving C are shown. RMSE t , RMSE 0Z0 , and RMSE decreased by 69%, 67%, and 76%, respectively. P s decreased by 0.3 mmHg, P d decreased by 9.1 mmHg, and, as a result, PP increased by 8.8 mmHg. P ee was increased by 3.5 mmHg, and diastolic decay became steeper. In Fig. 6D , changes in waveforms and impedance imposed by an increase in C of 60% are shown. RMSE t , RMSE 0Z0 , and RMSE decreased by 89%, 83%, and 79%, respectively. P s increased by 2.7 mmHg, P d increased by 7.6 mmHg, and, as a result, PP decreased by 5.0 mmHg. P ee was decreased by 7.1 mmHg, and diastolic decay became less steep.
RESULTS
Time course of impedance control.
By both increasing Z C and decreasing C (by either rescaling frequency or increasing Z 1 ), PP increased as a result of lowered P d with a minimal effect on P s . These two parameters differed in that in response to a high Z C , the onset of ejection was induced to occur earlier and the pressure upstroke to become steeper to a greater extent than was induced by a low C. In response to a high Z C but not a low C, P ee decreased and ejection time was prolonged. In response to a low C, the pressure peak was delayed and P ee increased. The effects of decreasing Z C and increasing C were basically the opposite of those of increasing Z C and decreasing C, respectively.
Accuracy and controllability of the impedance control system. Figure 7 shows the changes in error indexes imposed by impedance control. In 138 experiments, RMSE t was markedly reduced from 262 Ϯ 124 to 70 Ϯ 34 µl/s (P Ͻ 0.001) after impedance control was imposed, which corresponded to 16.9 Ϯ 5.3% and 4.4 Ϯ 1.4% of peak F cmd before and after impedance control, respectively. The correlation coefficient between the measured and the desired flow waveforms nearly approached unity (R 2 from 0.884 Ϯ 0.087 to 0.988 Ϯ 0.010). Reductions in RMSE 0Z0 and RMSE by impedance control were modest when evaluated over the frequency range of Յ80 Hz (RMSE 0Z0 from 11.3 Ϯ 6.7 to 8.5 Ϯ 10.4 mmHg · s · ml Ϫ1 , P ϭ 0.026; RMSE from 0.49 Ϯ 0.18 to 0.33 Ϯ 0.19 radians, P Ͻ 0.001). When evaluated within the limited bandwidth (26 Hz) in which the majority of power of flow signals were found (Fig. 3A) , reductions were larger and comparable with those evaluated in the time domain (RMSE 0Z0 from 9.4 Ϯ 4.9 to 4.0 Ϯ 2.5 mmHg · s · ml Ϫ1 , P Ͻ 0.001; RMSE from 0.32 Ϯ 0.15 to 0.13 Ϯ 0.07 radians, P Ͻ 0.001). Figure 8 shows a comparison of the error indexes among different protocols. The correlation coefficients between the measured and desired flow waveforms were comparable. Although RMSE t was larger in the low-Z C group than in the high-Z C and low-C groups, these differences were not evident when we normalized RMSE t by peak F cmd . RMSE 0Z0 and RMSE (evaluated Ͻ80 Hz) varied too greatly among animals to allow detection of differences between protocols. Limiting the frequency range (Ͻ26 Hz) reduced the interanimal variance and enabled detection of differences. RMSE 0Z0 was larger in the high-Z C group than in the low-C and high-C groups, whereas RMSE was larger in the high-Z C group than in the low-C group.
As shown in METHODS, we defined successful control as RMSE t Ͻ15% of the RMS of F cmd and R 2 Ն0.98. In addition, we empirically determined and fixed the weighting factor for flow error correction (K) between 0.05 and 0.1, because these values are acceptable in terms of stability and speed of convergence. The time delay between the aortic root and the catheter tip (2-3 cm) was fixed at 4 or 5 ms, on the basis of preliminary measurements.
On average, Z C could be successfully modified between 60 and 160% of control, whereas modification of C by frequency rescaling was successful between 50 and 300% of control. With Z 1 modification, 50 and 200% of the native value were demonstrated to be the limits of successful control. Quality of impedance control appeared to depend on the native cardiac output as well as the difference between target and measured impedance, because these are the major determinants of pump flow. Maximal pump ejection appeared to be the limiting factor for these controls.
DISCUSSION
We developed a servo-control system that imposes the desired impedance on the in situ rat left ventricle. The system consisted of a specially tuned piston pump, a linear motor, analog servo-feedback circuits, and an iteration control algorithm. This system was capable of controlling the dynamic components of aortic impedance and therefore enabled the reproduction of aortic pressure and/or flow waveforms or left ventricular afterload conditions in actual cardiovascular disease (e.g., arteriosclerosis, congestive heart failure, hypertension, and aging) independently of neurohumoral factors.
Advantages of our methods. Only a few reports on artificial impedance loading experiments in hearts can be found. These are divided into two types of experiments, physical manipulation of native outflow and ejection against the hydraulic afterload or controlled piston pump. In an in situ dog experiment, Randall et al. (22) and Kelly et al. (11) imposed increased pulsatile load by replacing the native aorta with a stiff tube. Kobayashi et al. (13) reported that they produced chronic hypertensive rat models with different aortic impedance by imposing aortic constriction at different sites. These physical manipulations did not show versatility and precision in controlling impedance. Elzinga and Westerhof (5) . Although these methods were more versatile and precise in controlling impedance, only impedance based on a particular model can be loaded. Furthermore, the condition of the heart in these ex vivo experiments was far from approximating physiological conditions. Burkhoff et al. (4) showed that a modified windkessel model reproduces natural impedance in that it produces similar mean pressure and stroke volume. However, the pressure and flow waveforms associated with the model are quite different from those observed in animals. The difference between the model and natural impedance becomes evident when we examine the impulse response (time-domain representation) of impedance. We succeeded in loading modified impedance, based on natural impedance, with a method that was capable of producing more realistic pressure and flow waveforms. In addition, our method is, at least in principle, more versatile given that we can load impedance that is not limited to modified natural impedance within the performance limits of the pump.
Other advantages of our method include the fact that it does not require knowledge of native impedance a priori or any surgical procedure on the native artery itself, the latter of which enables the easy reestablishment of the control condition.
Iterative nature of the algorithm. Because of the iterative nature of the algorithm, it takes time to reach a steady state of impedance control. Because aortic pressure and flow waveforms gradually approached desired shapes, hemodynamic stability (including natural aortic impedance) was required during this transient phase. Indeed, when frequent irregular beats were noted, this algorithm did not work. This gradual manner of control was not necessarily disadvantageous. It might be preferable for the in situ condition given that the native circulatory system might never experience such an abrupt change in impedance. Although autonomic nerve reflexes were blocked in this study, homeometric and/or heterometric autoregulation of left ventricular ejection and flow-dependent vasodilation were allowed to occur during this phase.
Effect of impedance on pressure and flow waveforms. Essentially, Z C is characterized as impedance modulus for higher frequency, whereas C relates to impedance for lower frequency. Thus increased Z C was expected to induce augmentation of pressure for the upstroke and early ejection phases. Lower C, which increases impedance at lower frequencies, should augment pressure in late systole and at end ejection. Observed waveform changes during the impedance control were consistent with these expected changes.
Comparison of accuracy of control in the time and frequency domains. RMSE t between desired and measured aortic flow waveforms of Ͻ5% of peak desired flow and R 2 of Ͼ0.98 with a small variance were indicative of excellent accuracy of impedance control when expressed in the time domain. Desired and measured flow waveforms were nearly superimposable. Compared with this high level of accuracy in the time domain, the accuracy in the frequency domain appeared somewhat lower when evaluated over the frequency range of Յ80 Hz. If the frequency range for calculation of RMSE 0Z0 and RMSE was limited to Յ26 Hz, the accuracy and its variance became comparable with those in the time domain. Therefore, the discrepancy between these indexes of accuracy in the time and frequency domains is likely due to the fact that more power is present for lower-frequency components. Because we intentionally controlled flow waveform on the basis of the time sequence of error signals, a simple (nonweighed) average of errors in the frequency domain may have magnified the error in the highfrequency range. The observed superiority in controlling C rather than Z C in the frequency domain (but with equivalent accuracy in the time domain) might also have been attributable to the same phenomenon. Variabilities that have arisen from the estimation of impedance based on a single beat might be included. On the basis of these findings, for our purposes we judged that precision in the time domain is more important than that in the frequency domain.
Physiological and clinical implication. There are a number of unanswered questions remaining about the physiological and pathophysiological role of the pressure waveform, some of which are outlined in the introduction. To give definitive answers to these questions, it is essential that we have an apparatus capable of manipulating aortic impedance without affecting other factors. Because we have succeeded in developing such a device, we now are able to carry out studies to answer some of those questions.
In the physiological setting, the effect of aortic impedance on the time-varying mechanical properties of both myocardium and cardiac chambers should be investigated to enable a true understanding of cardiac mechanics. The effects of aortic impedance on the activation of the autonomic nerve system and humoral factors might represent an important area of study. Clinically, by varying impedance and detecting the initial response that triggers hypertrophy, we may approach the true mechanical stimulus for myocardial hypertrophy. Various vasodilators should be reevaluated by identifying any changes in aortic impedance, and the cardiac effect should be studied by imposing the same impedance change. Such physiological studies might lead to the understanding of beneficial effects of vasodilators with no obvious decrease in pressure.
Limitations. This system is not capable of regulating mean pressure or resistance. In addition, this system Fig. 9 . Characteristics of servo-pump system. A white noise sequence was used as input to characterize the system (power spectrum at top). Bode diagrams (gain and phase curves) show frequency responses of servo-pump system, and coherence function is shown at bottom. Dotted curves represent closed-loop characteristics of servo-pump as expressed by the response of the integral of flow waveform at distal end of tubing to command. Solid curves were obtained after system bandwidth was effectively widened by modifying the command by the reciprocal of these characteristics.
does not control preload (e.g., end-diastolic volume) of the left ventricle. Although changes in PP in examples shown in Fig. 6 are consistent with results from an earlier study (2) , the changes in P s and P d values are not necessarily consistent. This is probably because our system was not capable of regulating resistance or preload.
To date, applications of this system have been limited to acute experiments using small, anesthetized animals (whose stroke volume range was 0.056 Ϯ 0.015 ml). In fact, in rats with larger cardiac output, the controllable range of impedance tended to be more limited. A reduction in C of 50% might not be sufficient for some purposes. For a wider controllable range and experiments using larger animals or humans, further improvements in pump performance are needed. Conceivably, however, the application of a device such as an intra-aortic balloon pump might solve this problem. For the compensation of servo-system characteristics (transfer function between servo-command and actual pump volume, low-pass characteristics with a steep decline of gain Ͼ20 Hz; see APPENDIX and Fig. 9 ), we applied the reciprocal of these characteristics. This compensation amplified high-frequency noise and caused some visible oscillations, as shown in Fig. 6 , although the reciprocal filter was truncated at 80-100 Hz. The integration procedure used to convert flow to volume command partly reduced high-frequency noise.
In conclusion, we have developed a servo-pump system that can precisely control aortic impedance in rats. It imposes a desired impedance on the in situ left ventricle. This method enables physiological and clinical studies that may help clarify important aspects of aortic impedance, such as the load dependence of myocardial mechanical nature and the true mechanical stimulus required for hypertrophy.
APPENDIX
Frequency Response of the Servo-Pump System
Open-and closed-loop frequency response of the servopump system was measured with the use of a random command (Gaussian white noise with a bandwidth of 0.1-1,000 Hz) as the input and the integrated flow waveform at the distal end of the tubing as the output. Although we improved the open-loop characteristic by squeezing the distal part of the tubing to reduce fluid volume and increase resistance, the bandwidth of the closed-loop system was only Յ20 Hz with a steep decay of gain above this frequency (Fig.  9, dotted lines) . We effectively widened the bandwidth by incorporating the reciprocal of this characteristic into the algorithm. We truncated the reciprocal of this characteristic for compensation Ͼ80 Hz, where pressure and flow power were insignificant. As shown in Fig. 9 (solid lines) , the bandwidth of the system approached 88 Hz in response to this compensation. The frequency characteristic of the servopump system was updated on-line during impedance control based on the measured signals, because blood in the tubing affected the servo-pump characteristics.
